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Abstract 
Attachment of an artificial limb directly to the skeleton has a number of potential benefits and the 
technique has been implemented for several amputation sites. In this paper the transfer of stress 
from an external, transfemoral prosthesis to the femur during normal walking activity is 
investigated. The stress distribution in the femur and at the implant-bone interface is calculated 
using finite element analysis for the 3D geometry and inhomogeneous, anisotropic material 
properties obtained from a CT scan of a healthy femur. Attachment of the prosthetic leg at three 
different levels of amputation is considered. Stress concentrations are found at the distal end of 
the bone and adjacent to the implant tip and stress shielding is observed adjacent to the implant.  
It is found that the stress distribution in the femur distal to the epiphysis, where the femur 
geometry is close to cylindrical, can be predicted from a cylindrical finite element model, using the 
correct choice of bone diameter as measured from a radiograph. Proximal to the lesser trochanter 
the stress decreases as the femur geometry diverges significantly from a cylinder. The stress 
concentration at the distal, resected end of the bone is removed when a collared implant is 
employed. These findings form the basis for appropriate settings of an external fail-safe device to 
protect the bone from excessive stress in the event of an undue load.  
 
1 Introduction 
Skin problems on the stump are common in transfemoral amputees
1
.  Attaching the prosthesis 
directly to the skeleton removes the need for applying loads across the skin.  Possible benefits of 
direct skeletal attachment of a prosthetic leg include the elimination of skin associated problems 
and blood occlusion from a rubbing socket. Furthermore, the hip joint is not obstructed by a 
socket, allowing free movement
2
, and better control of the artificial limb is possible, as the forces 
and moments are not transmitted through a cushion of soft tissue. The first systems to explore the 
possibility of percutaneous prosthetic implants were dental implants
3,4
.  The attachment of bone to 
the anchor is regarded as the reason for long-term success of dental implants
5
.  
 
A number of trans-femoral designs are currently in use and the technology has also been applied 
to arm, finger and maxillofacial prostheses. At the University of Lübeck a design called the ‘ISP 
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Endo-Exo Prosthesis’ is being developed in association with ESKA GmbH in Lübeck, Germany, 
with the first prosthesis implanted in 1999
6
. The current design with the longest clinical experience 
has been developed at the University of Gothenburg, Sweden, in association with Integrum AB, 
Gothenburg
2
.  The rehabilitation programme for this, devised in 1990, has been given the 
acronym OPRA (Osseointegrated Prosthesis for the Rehabilitation of Amputees)
7
.  
 
Finite element analysis (FEA) has been used for analysing the stresses in and around the 
complex geometries of orthopaedic implants
8-11
. In order to develop safety features and protect 
the bone from dangerous loads it is important to know the stress distribution, concentration and 
shielding around the implant for the attachment of a transfemoral prosthesis. Geometry and 
loading of the femur vary for an amputee with different levels of bone resection, as investigated by 
Zheng et al.
12
. For the geometry of the Brånemark OPRA implant, which is threaded and screwed 
into the bone, several FEA studies of the implanted femur have been published. Using a simplified 
axisymmetric model of the bone and implant, Xu et al.
13 
found stress concentrations in the bone 
near the implant tip and at the end of the bone.  In a further study Xu et al.
14 
used data from a CT 
scan to model the OPRA implant in-situ, taking the screw thread into account. An implant with a 
smaller diameter was found to cause less stress shielding in the bone because the narrower 
implant is more flexible.  High stress at the end of the bone, and an increase in peri-implant stress 
as the level of amputation became more proximal was predicted. The load transfer for both the 
ISP Endo/Exo prosthesis and the OPRA system was calculated and compared to the stress and 
strain energy density an intact femur to predict bone failure and bone remodelling
15
. The risk of 
failure of an osseointegrated fixation was investigated for both a simplified and patient-specific 
FEA model and found to increase significantly
16
. A novel design for the intramedullary fixation has 
been proposed to reduce stress shielding and risk of failure
17
. 
 
This contribution documents an investigation into a new prosthetic attachment system which is 
undergoing clinical trials and has been given the acronym ‘ITAP’: ‘Intraosseous Transcutaneous 
Amputation Prosthesis’. The system comprises a cylindrical stem which is press-fit into the 
intramedullary cavity of the femur and HA coated to encourage osseointegration of the implant. 
The implant protrudes through the skin, providing an anchorage point for the attachment of the 
prosthetic limb. A technique has been devised to combat infection by encouraging skin epithelial 
cells to attach to the metal implant, creating a seal against infection
18
. The prosthetic limb includes 
a patented fail-safe device which decouples the prosthesis from the implant when the loading of 
the prosthesis exceeds the safe load for the bone, with independently variable activation loads for 
the torsional and bending moments. In this contribution the stress distribution in the femur has 
been calculated for three anatomical FEA models with different levels of bone resection to inform 
the choice of the activation loads for the fail-safe device. Results from the anatomical FEA models 
based on the CT scan of a healthy femur were compared with homogeneous, cylindrical FEA 
models to assess a simpler option to predict stress levels for a patient. 
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2 Materials and methods 
2.1 Creation of finite element models of resected femurs from CT 
A human cadaveric femur was scanned every two millimetres from the femoral head to the lesser 
trochanter and then at five millimetre intervals through the rest of the bone. The CT images were 
saved in JPEG format and imported into MIMICS 9.1. The information was used to create a three-
dimensional image of the bone. Superfluous attached soft tissue was removed by erasing it from 
each of the images to leave the outline of the bone. A surface mesh of the femur was then 
created. The surface mesh was exported in PAT format and used to create volume meshes in 
MARC/MENTAT 2005 (MSC Software, USA).  Hexahedral elements were used that had 1mm 
edge length at the bone-implant interface and the FEA models were checked for convergence. 
 
2.2 Materials for FEA Model 
The volume mesh models of the femur were exported to MIMICS for the allocation of the 
inhomogeneous and orthotropic material properties (Fig. 1). For each element the material 
properties were assigned based on the average density in that volume of the CT scan. Taddei et 
al.
19
 compared different mapping techniques from the Hounsfield Unit (HU) to the Young’s moduli 
and validated the FEA results with an experimental measurement. Using a voxel-based FEA 
model Keyak et al.
20
 predicted the patient-specific strength of femurs tested to failure and found 
good correlation. The grey values were converted into five material types using methods 
described by Taylor et al.
21
 and Rho et al.
22
. Previous researchers using FEA have divided bone 
into regions of different material alignment and produced realistic deformations when compared 
with a mechanical model23. This method was employed and the femur was divided into regions of 
common orthotropic alignment. In the diaphysis the material properties are aligned with the axis of 
the bone, while at the proximal end the alignment varies approximately with the direction of 
loading24. The total material spectrum was divided into five different sections as specified in Table 
1.  The implant model was composed of titanium alloy (Ti6Al4V) and had a Young’s modulus of 
110GPa and Poisson’s ratio of 0.3.   
 
2.3 Levels of amputation 
Three levels of bone resection were modelled: the three models represent a long residual limb 
(one quarter of the bone removed), a short residual limb (three-quarters of the bone length 
removed) and a resection level between the two (half of the bone removed).  A different implant 
was designed for each level of resection and the meshes were formed to fit around an implant, 
with a hollow to match the shape of the implant.  Based on experience of designing intramedullary 
implants the stems were designed for maximum cortical bone contact. The outline of the implant 
shapes and the dimensions are shown in Fig. 1. For the ¾ resection level a larger implant 
diameter (18mm instead of 14mm) was used, and the implant contact length was only 50mm as 
compared to 160mm and 140mm respectively for the lower resection levels. 
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2.4 Alignment of implant 
In Fig. 1a the cavity for the implant for the longest residual limb has cortical bone adjacent to most 
of its length.  At the distal end of the bone, there is little cortical bone contact because the cortical 
bone diverges towards the knee. Fig. 1b shows the femur with half of the femur resected. The 
contact of the implant with the cortical bone is patchy along most of the length of the implant and 
reduces near the proximal end. The implant is in an area of cancellous bone at the proximal end, 
which lies inside the widened diameter of the lesser trochanter. Fig. 1c shows how a 5 degree 
bend in the implant is required to take account of the natural curvature of the femur.  Fig. 1d 
shows the three-quarters resected femur, where the larger diameter implant is only partially in 
contact with cortical bone. Perfect contact conditions were used for all models, representing good 
bone integration (osseointegration) with the implant, similar to previous studies 
9,13
.  
 
2.5 Analysis of the models 
The models of the bone were exported back into MARC/MENTAT, coupled with the implant 
meshes, and analysed. The implant meshes were extended to the level of the knee, and bending 
force, torsional moment and axial force were applied at the level of the knee. The bone was 
constrained to be rigidly held at the femoral head and at the greater trochanter, where the femur is 
restricted in movement by bony contact and muscle respectively. No muscle loads were applied 
along the length of the bone, as the position and strength of the muscles attached to the femur of 
the transfemoral amputee vary and differ widely in individual amputees and from the non-
amputee. Excluding the muscle loads along the length of the bone represents the highest load 
case. 
 
The loads were obtained from a study in which a load-cell had been incorporated into 
osseointegrated prostheses to measure the forces and moments in the external prostheses for 
twelve amputees during walking
25
. The loads applied to the FEA were the maximum experienced 
during normal daily activities. The data were given in percentage of bodyweight and have been 
converted to be relevant for a patient with a weight of 750N. Similar studies
26,27 
have been 
performed to measure loads for femoral amputees.
 
The applied loads were 143N lateral load 
applied at the position of the knee to generate shear forces and bending moments, 664N axial 
load and 8Nm axial torque.  The loads were applied individually as three different loading 
conditions, so that each type of load could be investigated separately. The models were linear so 
the stresses calculated could be summed to obtain the stresses experienced under combined 
loading. 
 
2.6 Cylindrical finite element models 
For the three resection lengths cylindrical finite element models of comparable dimensions were 
created in MARC/MENTAT and constrained and loaded as described above. The dimensions and 
material properties of the implant were the same as for the anatomical models. The bone was 
modelled as cylindrical with various outer diameters and the inner diameter taken to be that of the 
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implant (Fig. 2). The material properties of the bone were chosen as transversely isotropic with 
Young’s modulus of 20GPa longitudinally and 12GPa transversely and Poisson’s ratio of 0.38 to 
match those of the cortical bone in the anatomical models.  
 
Using the cylinder simplification to assess the stresses in the femur of an amputee with ITAP, 
there are different ways to choose the outer diameter for a cylindrical representation of the bone 
shaft. Three are considered here: (a) by matching the cross-sectional area of the bone, (b) by 
matching the broadest or narrowest part of the bone cross-section using the distance from the 
centre of the intramedullary canal to the outer surface of the bone described as the ‘radius’ by 
Stephenson and Seedhom
28
, or (c) by measuring the bone size in the A-P plane and the M-L 
plane and using the most appropriate of these measurements. Table 2 shows the cylinder bone 
diameters calculated from each of the three methods for the scanned femur at a cross-section 
half-way along the implant length. The diameters calculated in table 2 are in the range of 26mm to 
36mm. The smallest measured diameter of 26mm was chosen for the comparison to the 
anatomical models. 
 
3 Results 
For typical walking loads the highest stresses were recorded in a cylindrical coordinate system 
along a line adjacent to the implant and a line on the outer surface of the bone. For the lower 
resection levels (¼ and ½ bone removed) only the relevant normal and shear stresses for the 
different loading conditions are shown, i.e., the axial stress and the axial-radial shear stress in 
bending and axial loading, radial-tangential and the tangential-axial shear stresses in torsion. The 
maximum values of other stresses were less than one third of the stresses shown. For the highest 
resection level all stress components are shown. 
 
3.1 Stress distribution along implant for a bone with quarter of its length removed 
The stress distribution in the femur with one quarter of the bone removed was calculated using the 
anatomical model. As the geometry of the femur over the implanted length is close to cylindrical, 
for bending loads the axial and shear stresses in this anatomical model match those in the 
cylindrical model (26 mm bone diameter) on the stem/bone interface. There is no shear stress 
along the stem/bone interface (Fig. 3a) and outer surface of the bone (Fig. 3b), except for stress 
concentrations at the distal end of the bone and adjacent to the implant tip, which are less than 
5MPa. The axial stress recorded on the outer surface of the bone in bending is slightly lower and 
more variable for the anatomical model than for the cylindrical model, partially due to the irregular 
surface of the anatomical model and difficulty in choosing corresponding nodes.  A linear increase 
in stress along the bone adjacent to the implant is caused by the increasing bending moment due 
to the lever-arm increasing from the point of load application. The stress level along the implant 
length is lower than for the femur alone due to the increased second moment of area of the femur 
and implant, introducing stress shielding. Significant stress concentrations at both the distal and 
proximal end of the bone (factor approximately 5) are predicted from both models. At the proximal 
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end of the implant under bending load the highest axial stress of 22MPa is calculated. The von 
Mises stress was calculated to take the combined effect of all stress components into account, 
finding values of 35MPa at the implant tip and 17MPa at the distal end of the bone. 
 
For axial loading the axial stress is lower adjacent to the implant than proximal to it (stress 
shielding), and there is a stress concentration with factor 2 at the end of the bone and factor 1.5 at 
the implant tip (Fig. 3c). Under typical walking loads the stresses due to axial loading are only 
about 10-20% of those found due to bending (Fig. 3c,d). The radial-tangential shear stress in 
torsion follows a similar pattern to the axial stress in axial loading for the cylindrical model. The 
most significant stress concentration occurs at the distal end of the bone with a high level of 
radial-tangential shear stress (10MPa). However, the stress along the length of the implant in the 
anatomical model (Fig. 3e) is approximately double the value found for the cylindrical model 
(diameter 26mm), as the anatomical model is not rotationally symmetric. Similar patterns are seen 
on the outer bone surface, but no stress concentration occurs (Fig. 3f).   
 
3.2 Cylinder model approximation 
The cylindrical model gives similar stress values to those found in the anatomical FE model under 
bending and axial load as long as the complete implant length is located in the shaft of the bone 
(implant tip distal to lesser trochanter). This indicates that the cylindrical model could be employed 
for assessment of the stresses occurring in the femur of an amputee with a long residual limb 
using ITAP. The diameters calculated in table 2 are in the range of 26mm to 36mm, and the 
model with an outer bone diameter of 26mm was found to correlate best with the anatomical 
model under bending and axial load. It appears that taking the linea aspera into account leads to 
an overestimation of the required bone diameter. ‘Minimum radius’ and ‘M-L size’ measurements 
give cylinder diameters of 26.0 and 26.4mm respectively. Therefore both are appropriate to select 
the cylinder diameter. In order to measure the minimum radius of the bone a CT scan is 
necessary for the amputee, while only a radiograph taken in the correct orientation is required to 
measure the M-L size of the bone. It is, therefore, proposed that this method be used to choose 
the diameter for a simple representation of the bone.   
 
For torsional load the cylindrical model geometry with a diameter of 26mm does not represent the 
stress in the bone adjacent to the implant well, where the bone-implant interface is believed to be 
most at-risk from overloading in torsion, especially during the period of bone healing after 
implantation
29
.  A further cylindrical model in torsion was created to match the stresses in the 
bone next to the implant. The geometry chosen has a 10% smaller outer diameter of 23mm. Fig. 4 
shows the shear stress recorded in this narrower cylinder model matches the anatomical model 
significantly better than the 26mm diameter cylindrical model (Fig. 3e,f). This is assumed to be 
due to the irregular shape of the bone cross-section and has to be treated separately from the 
bending and axial load cases.   
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3.3 Collared Implant 
One possible way to remove the stress concentration at the distal end of the bone is to include a 
collar in the design of the implant.  Figure 5 shows the axial stress at the stem/bone both with and 
without a collar. The collar is assumed to be osseointegrated, and the stress at the distal end of 
the bone is distributed across the resected surface of the bone, removing the stress concentration 
the stem/bone interface. Similar results were found in torsion and axial loading where the stress 
concentration at the distal end of the stem/bone interface was removed by the addition of a collar. 
 
3.4 Stress distribution along implant for a bone with half of its length removed 
The stress in the bone with half of the length removed is shown in Fig. 6. For an axial (Fig. 6c,d) 
and torsional (Fig. 6e,f) load the predicted stress levels along the implant are comparable to the 
model with quarter of the femur resected (Fig. 3). In bending (Fig. 6a,b) the stress adjacent to the 
implant is greater than the interface stress for the femur with one quarter removed due to the 
longer lever-arm. The stresses follow the pattern of the cylindrical model on the inner surface of 
the bone until the geometry of the femur causes a reduction in stress. There is an increase in the 
cross-sectional area of the bone due to the lesser trochanter, which significantly affects the 
second moment of area and polar moment of area of the bone. This coincides with the proximal 
end of the implant, resulting in the stress in the anatomical model being lower than the stress 
predicted by the cylindrical model. The cylinder approximation indicates that a high stress 
concentration (65MPa in bending, Fig. 6a) would be evident if the implant tip were in the 
diaphysis. The stresses on the outside of the bone are diminished to the same extent as the 
stress on the inside of the bone by the geometry of the proximal femur in all three loading 
conditions.  
 
3.5 Stress distribution along implant for a bone with three quarters of its length removed 
In Fig. 7 all six normal and shear stresses are plotted for this case to accurately represent the 
stress state. It is evident in Fig. 7 that the cylindrical model cannot be used as a simplification for 
the bone geometry when three-quarters of the bone has been resected. The reduction in stress is 
due to the increasing cross-section of the bone at the lesser trochanter.  The stresses measured 
in bending (Fig. 7a,b) and axial (Fig. 7c,d) loading are less than one-third of the stresses 
measured for the femur with one half removed (Fig. 6), and the stress measured in torsion (Fig. 
7e,f) is less than half, partially due to the larger diameter chosen for the implant (18mm rather 
than 14mm). The implant has a larger diameter in order to increase the amount of cortical bone 
contact and to allow for the shorter contact length (50mm). The largest stress concentrations of 
about 10MPa are found at the distal end of the bone under bending and torsional load (Fig. 7a,e). 
Torsion and bending in particular generate high stresses in the cancellous bone, which must be 
taken into account for predicting safe load limits, as the cancellous bone has a lower strength than 
cortical bone. 
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4 Discussion 
The stress transferred to a femur from a directly attached implant under normal walking loads was 
calculated for three different resection levels. The femur of an amputee with an ITAP implant that 
does not extend proximal to the diaphysis can be modelled using a cylindrical bone containing the 
implant to calculate the stress distribution. This method has been used previously by Xu et al.
13
 
and Iesaka et al
30
. The stresses in bending and for an axial load match those for the full 3D 
anatomical model when the outer diameter of the cylindrical model is chosen as the thickness of 
the bone in the medial-lateral direction, as measured from a radiograph. For torsional loads this 
underestimates the stress levels adjacent to the implant and a 10% smaller outer bone diameter 
should be chosen. Results show lower stress levels in the bone adjacent to the implant (stress 
shielding) and stress concentrations at the distal and proximal ends of the implanted length of the 
stem. The stress level and stress concentration due to bending loads were found to be 
significantly larger than those due to axial loading.  
 
Xu et al.
14
 used FEA to analyse an intramedullary femoral implant for attachment of a prosthetic 
limb under typical walking loads and calculated the maximum von Mises stress in the bone near 
the implant tip for an amputee with a relatively long femur (equivalent to the ‘quarter resected’ 
model in this study) to be 38MPa and 41MPa for implants of 21.5mm and 22mm diameter. These 
values are comparable to the 35MPa von Mises stress at the implant tip found in this study. The 
von Mises stress at the distal end of the bone in the research by Xu el al. was 18MPa and 14MPa, 
whereas a value of 17MPa was found in this study. These results are not directly comparable 
because the implant geometries are different, but the similar values indicate that the two 
techniques of prosthetic attachment lead to similar stress state and concentration in the bone.  
 
There is a stress concentration on the stem/bone interface at the distal end of the resected bone 
for all models, as found by Xu et al.
13
 and Stephenson and Seedhom
26
. One way to avoid the risks 
associated with the distal stress concentration is to include a collar in the implant design which 
abuts the end of the bone. Fig. 5 shows the axial stress on the inside of the cortical bone in 
bending when the implant includes a collar that is osseointegrated (perfect contact conditions).  
The stress is evenly distributed across the distal end of the bone by the implant collar without any 
significant stress concentration, and this is also seen in axial loading and torsion. Inclusion of a 
distal collar constitutes a recommended design feature for the ITAP implant.   
 
A fail-safe device situated between the external prosthesis and the bone anchor can prevent 
damage to the femur from excessive loading.  A number of factors influence the loads at which 
the failsafe device should be set in order to protect the bone.  The bending moments increase with 
the increasing lever arm of the point of load application (the knee).  For the implant tip located in 
the femur shaft (diaphysis) this results in a higher stress concentration at the proximal end of the 
implant (Fig. 3). A possible reduction of the stress concentration was shown by placing the implant 
tip in the epiphysis to encounter a larger second moment of area (Fig. 6). An immediate 
9 
 
conclusion might be that an implant that terminates in the epiphysis of the femur is preferable. 
However, it must be noted that the implant is then in contact with cancellous bone with lower 
strength
31
.  Another influence of the bone resection level on the failsafe device settings is for a 
very short residual bone, where the interface shear stresses for torsional loading can become 
critical due to the decreased length of the implant-cortical bone contact. An increase in risk for 
higher resection levels can be predicted, which would necessitate the use of a different implant 
design to facilitate the transmission of torsional loads to the bone.  This assessment is supported 
by a retrospective study of custom-made prostheses for the replacement of bone in cancer 
patients by Unwin et al.
32
, in which it was found that the higher the level of femoral resection, the 
greater the probability of aseptic loosening.   
 
The calculations in this study are based on bone of normal strength.  However the femoral bone of 
a transfemoral amputee who has used socket prostheses or no prosthesis at all for a period of 
time has been found to be significantly less dense and of smaller diameter than normal bone
29
.  It 
is anticipated that an ITAP user’s bone will increase in density and volume as the prosthesis is 
loaded.  Further studies would be necessary to monitor the development of the bone in users to 
measure the rate of increase in bone density. The femur models in this study have been 
represented using perfect integration between the bone and implant which is unlikely to occur in 
the clinical setting and would have to be taken into account.  Gradual loading of the implant is 
required to prepare the bone for weight bearing.  Proposals have been made for strengthening the 
bone, including gradual increase in axial load bearing using a set of scales
2
.  More recently
33
 an 
investigation into the stress in bone around the implant for the OPRA system has concluded that 
gradual axial loading is insufficient to strengthen the bone in preparation for the high loads 
experienced near the implant tip and the distal end of the bone, and that bending and torsional 
loading should be prescribed in the rehabilitation programme. This is in line with the findings 
presented here where the most significant stress concentration was found under a bending load at 
the proximal end of the implant. 
 
An implant that is stiffer than the bone ‘shields’ the bone from stress, as evidenced by the lower 
stress adjacent to the implant.  Blunn et al.
8
 conducted FEA on cementless femoral implants for 
segmental bone tumour prostheses.  They found that by reducing the HA coated portion of the 
implant to one-third, the region of bone under very low stress as a result of the loading of the 
implant was reduced.  Radiographs of the femur of amputees in the OPRA programme were 
assessed over seven years by Xu and Robinson
34
 and the femur was found to narrow 
considerably at the distal end exposing the intramedually stem which was once enclosed with 
cortical bone whilst at the proximal end of the implant the cortical thickness increased. The bone 
remodelling changes seen around implants fixed into the diaphysis are different to those around a 
hip stem. Stress shielding around a hip stem results in loss of bone density whilst around an 
intramedullary stem fixed into the diaphysis cortical bone is removed.  
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5 Conclusions 
Anatomical finite element models of the femur were created for different levels of bone resection 
with osseointegrated ITAP implants. On the stem/bone interface stress concentrations are seen at 
the resected, distal end and adjacent to the implant tip, with the highest stress due to bending 
load. A cylindrical model of bone and implant can be used to estimate the stresses due to bending 
and axial loads in a long residual bone (implant tip distal to lesser trochanter) for a particular 
amputee by taking the thickness of the bone from a radiograph in the medial-lateral direction. For 
an amputee with a short residual limb, the implant is in contact with weaker cancellous bone and it 
is recommended that an amputee not be fitted with a straight implant as modelled here but a 
design that facilitates transmission of the stress to the cortical bone.  
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Figure and Table Captions 
 
Figure 1. Medial-lateral sections of femur models showing material distribution and cross-sections 
at locations 1, 2 and 3: (a) quarter of the femur resected, (b) half of the femur resected, (c) half of 
the femur resected, anterior-posterior view showing curvature of bone,  (d)  three-quarters of the 
femur resected; dotted outlines show implant geometry and alignment; arrows indicate loading 
location and directions.     
 
Figure 2. Cylindrical bone model for: (a) implant, cylindrical bone, and loading location and 
directions shown, (b) cross-sectional view with dimensions for quarter of bone resected indicated.     
 
Figure 3. Stresses calculated in the femur with quarter of bone removed (implanted length 160 
mm): a) bending, c) axial, e) torsional load on the stem/bone interface; b) bending, d) axial, f) 
torsional load on the outer bone surface; node paths recorded include the highest stress on the 
inside or outside of the bone; solid lines: anatomical FEA model; dotted lines: cylindrical model 
with outer diameter 26 mm.   
 
Figure 4. Shear stresses in femur with quarter of bone removed under torsional load; a) 
stem/bone interface; b) outer bone surface; anatomical model (solid line), cylindrical model with 
outer diameter 23mm (dotted line); tangential/axial stress (dark line), radial/tangential stress (feint 
line).   
 
Figure 5. Axial stress on the stem/bone interface with and without an implant collar; femur with 
quarter of bone removed under bending load. 
 
Figure 6. Stresses calculated in the femur with half of bone removed (implanted length 140 mm): 
a) bending; c) axial, e) torsional load on the stem/bone interface; b) bending; d) axial; f) torsional 
load on the outer bone surface; node paths recorded include the highest stress on the inside or 
outside of the bone; solid lines: anatomical FEA model; dotted lines: cylindrical model with outer 
diameter 26 mm.  
 
Figure 7. Stresses calculated in the femur with three quarters removed (implanted length 50mm): 
a) bending; c) axial, e) torsional load on the stem/bone interface; b) bending; d) axial; f) torsional 
load on the outer bone surface; node paths recorded include the highest stress on the inside or 
outside of the bone. Marks (I) and (II) show the length of the implant in contact with bone, and (III) 
and (IV) show the location of the lesser trochanter. 
 
Table 1.  Material properties for cortical and cancellous bone used for the finite element model. 
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Table 2. Three methods for calculating the appropriate outer diameter of cylindrical model for 
estimating the stresses in the femur of an amputee with a long residual limb; implant diameter 14 
mm. 
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Young’s modulus (GPa) 
 Poisson’s ratio 
Shear 
Modulus 
(GPa) Material number 
1 2 3 4 5 
Cortical 
bone 
axial 12.263 11.413    0.376 4.530 
transverse  
radial 12.508 11.743    0.235 6.230 transverse 
circumfererential 19.548 18.358    
Cancellous 
bone 
axial   7.413 4.539 1.757 0.376 4.530 
transverse 
medial-lateral   8.143 5.191 0.98 
0.235 
 
6.230 
 
transverse 
anterior-
posterior 
  12.758 5.21 0.704 
 
  
Anatomical Model 
 
Cylindrical Model 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
(a) Cross-
sectional area area = 440mm
2 area = 440mm2 
outer diameter = 28.0 mm 
(b) Minimum and 
maximum bone 
radius 
Minimum radius = 13.2 mm 
 
Maximum radius = 18.0 mm 
diameter = 13.2 x 2 = 26.4 mm 
or 
diameter = 18.0 x 2 = 36.0 mm 
(c) A-P and M-L 
Measurement 
A-P size = 32.0 mm 
 
M-L size = 26.0 mm 
diameter = 32.0 mm 
or 
diameter = 26.0 mm 
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